Abstract-Ultrasound-induced thermal strain imaging (US-TSI) for carotid artery plaque detection requires both high imaging resolution (<100 µm) and sufficient US-induced heating to elevate the tissue temperature (~1°C to 3°C within 1 to 3 cardiac cycles) to produce a noticeable change in sound speed in the targeted tissues. Because the optimization of both imaging and heating in a monolithic array design is particularly expensive and inflexible, a new integrated approach is presented which utilizes independent ultrasound arrays to meet the requirements for this particular application. This work demonstrates a new approach in dual-array construction. A 3-D printed manifold was built to support both a high-resolution 20 MHz commercial imaging array and 6 custom heating elements operating in the 3.5 to 4 MHz range. For the application of US-TSI in carotid plaque characterization, the tissue target site is 20 to 30 mm deep, with a typical target volume of 2 mm (elevation) × 8 mm (azimuthal) × 5 mm (depth). The custom heating array performance was fully characterized for two design variants (flat and spherical apertures), and can easily deliver 30 W of total acoustic power to produce intensities greater than 15 W/cm 2 in the tissue target region.
I. Introduction a therosclerosis describes the formation of a pathological lesion in the inner lining of arteries. This lesion known as a plaque can have a range of features. Vulnerable plaques (VPs) are those plaques prone to rupture, which leads to stroke or myocardial infarction. VPs are thought to consist of a lipid-rich core separated from the arterial bloodstream by a thin fibrous cap [1] . There is a need for early noninvasive identification of potential VPs so that preventative treatment can be implemented [2] . magnetic resonance imaging (mrI) has been shown to be able to identify the lipid-rich necrotic core of plaques [3] and can help assess VP vulnerability [4] . However, it requires long imaging times and the confined imaging enclosure can cause patient anxiety [5] . Ultrasound-induced thermal strain imaging (Us-TsI) offers the potential for noninvasive lipid detection in atherosclerotic plaque [6] and temperature monitoring [7] . Us-TsI exploits the fact that the dependence of sound speed on temperature is different for lipid-based tissues compared with water-based tissues. detection of lipids in carotid artery plaque using Us-TsI requires both high imaging resolution and elevation of tissue temperature by 3°c within 1 to 3 cardiac cycles to produce a detectable change in sound speed in tissues [8] .
In addition to the need for combined imaging and heating for TsI, there are other modalities such as acoustic radiation force imaging (arFI) [9] , shear wave imaging (sWI) [10] , and targeted drug delivery methods [11] which require a combination of high-resolution imaging and high power delivery. However, there exists a tradeoff between high bandwidth imaging, which usually requires a mechanically damped array, and high continuous power delivery, which requires a minimally damped transmission. although specialty multipurpose designs [12] , [13] have been developed, there are limitations in Us-based heat delivery caused by both transducer heating and system power supply limits. as a practical example from earlier experiences with a custom-designed heating array built alongside an imaging array, a standard commercial imaging system power supply could only provide a total of 17 W of total acoustic output power for 2 s before shutting down the entire imaging system. This is probably a typical performance for systems designed for pulse-echo imaging and, as we will report, this is generally inadequate even for modest heating over an intended X-y region of 2 × 8 mm at a depth of 20 to 30 mm.
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K be used for this effort, but using the same array for imaging and heating can limit the effectiveness of the latter [14] . our flexible approach utilizes independent Us arrays which can be mechanically joined together in a low-cost, high-performance manner to suit the study application.
In this work, we show how a relatively inexpensive and flexible dual-purpose imaging/heating system may permit high-quality Us-TsI for widespread use in the future. The approach presented here is unique: it combines a high-resolution dedicated imaging array with a high-power custom insonification array to produce a particular beam function. low-cost and rapid integration/adaptation are possible, which permits high investigational flexibility. The prototype developed for Us-TsI is designed to heat a 2 × 8 mm X-y tissue region at a depth of 20 to 30 mm to achieve a 3°c temperature rise in 2 s and permits simultaneous imaging with a wideband array.
II. methods a prototype consisting of a custom array of elements mounted on a custom manifold was developed and validated to provide heating for Us-TsI. This section includes a detailed description for the diverse spectrum of materials and methods employed in the prototype design process.
A. System
The Us-TsI system presented in this paper is comprised of four parts ( Fig. 1) : the imaging array of choice (P), the Us heating array elements (e), the single output power source (rF), and the splitter electronics (split). a key contribution of this work is combining a 3-d-printed manifold designed to support and align the heating elements with a high-efficiency rF power splitter which simplifies the power source requirements for this application. This heating manifold can be easily adapted to a chosen system. In this work, we demonstrate this flexible integration using a commercial high-frequency ultrasound imaging system (Vevo 2100, Fujifilm Visualsonics Inc., Toronto, canada). Ideally, a linear heating array could be used, but before that development, we use a collection of single elements, all driven with the same phase with overlapping beam foci. We chose the frequency band of 3 to 4 mHz to conservatively optimize power delivery for a total beam path length of 35 to 40 mm and element sizes of 6 to 10 mm in order to present a 50-Ω load to the rF driving source. These choices are explained in detail in the following sections.
B. Heating Transducer Design and Construction
The heating transducer was designed to provide a 3°c temperature rise in 2 s in a tissue volume (at depth of 20 to 30 mm) of approximately 2 × 8 mm in an X-y footprint, with 5 mm or more in Z, while providing approximately a 50-Ω electrical load to the rF source. The best operational frequency was first determined, then the size of the elements was selected, and, finally, the number and position of heating array elements were established.
1) Optimal Heating Frequency and Element Size:
It is assumed for simplicity that the absorption coefficient, α, is linear with frequency, the flat circular aperture with diameter D produces a natural focus at a depth z = D 2 /4λ, where z is the total beam path to the target from a heating element, and λ is the wavelength. The heating function is directly proportional to the product of beam intensity and absorption coefficient; however, an acoustic frequency change affects the magnitudes of absorption coefficient and intensity with opposing trends at a given depth. an estimate for an optimal insonification frequency can be found by solving d[2αI]/df = 0. The relative intensity at the focus, I, is 4 exp (−2α′Cfz). The frequency-dependent expression α′Cf replaces the absorption coefficient, α (in nepers per meter). Thus, the absorption coefficient α′ is in units of decibels per centimeter per megahertz, constant C is (20 log (e)) −1 , and f is in units of megahertz. The estimate for the optimal frequency is
where z is in units of centimeters. Early assessments were made for this best frequency, but some corrections were made using the average beam path absorption (e.g., α′ = 0.33 db/cm/mHz) which took into account a near-field water stand-off path and a (total beam path) target depth of 37 mm from the heating element. We found the optimal frequency to be 3.56 mHz using these calculations. We observed that the maximum frequency (or depth) calculation does not depend on the absorption coefficient at the heating depth, but rather the average absorption along the beam path before reaching the intended site at the heating depth. after constraining the operating frequency to 3.5 mHz, the electrical impedance to 50 Ω, and the total focus path length to 35 to 40 mm, an aperture diameter of 8.8 mm was chosen for a first set of flat aperture heating elements. To achieve an appropriate temperature rise, the intensity should be 15 W/cm 2 in a 2 × 8 mm target region. approximately 2/3 of the power is lost because of path loss and 3/4 of the remaining power is lost because of beam diffraction. Using these assumptions (with detailed rationale described later), an estimated upper bound for total power from the entire transducer set was determined to be ~30 W total acoustic power for 2-s periods. as a result, we chose to construct a heating transducer set with six elements that each provided an acoustic power of 5 W.
We extended this analysis for the spherical aperture case. by combining the geometry of a spherical aperture [15] and previously described optimal depth calculations [16] , [17] the optimal operating frequency for a spherical aperture can be found. We examined the highly curved spherical aperture with kh > 4. Here, k is the wave number and h is the depth of the spherical aperture, or z(1 − cos θ). In this highly focused case, it can be shown that relative intensity at a focus depth z is (kz) 2 (F(1 − cos θ)) 2 exp (−2α′Cfz), where F is the fraction of the active spherical surface and θ is the angle formed with a vertex at the geometric focus depth subtended by the spherical aperture centerline and a line from the focus to the aperture edge. The optimal frequency for delivering heat to a given depth z for a highly curved spherical aperture is
which is a very similar to (1) . From (2), it is evident that the optimal frequency is three times the frequency predicted for a flat aperture, and (as shown in more detail later) this seems reasonable because the beam produced by the spherical aperture considered produces a beam energy density near its central axis which is a significant multiple of the flat beam.
2) Transducer Modeling and Construction:
The heating elements should be both capable of relatively high continuous acoustic power output with minimal internal heating and high heat capacity. some other alternate materials could be used; however, because a substantial increase of the transducer temperature (>60°c) is not anticipated for this particular application, high dielectric constant (and high figure of merit [18] ) PZT-5H material was selected, with silver (ag)-epoxy as the electrical contacts to circuit wiring. an air backing is desired, but with an adequate front layer matching to assure front port transmission efficiency. although narrowband operation is acceptable, a narrower bandwidth increases the difficulty in matching element output at a specific frequency; therefore a modest bandwidth was chosen to assure that all elements are within a 3 db range.
The transducer material (PZT-5H, boston Piezooptics, bellingham, ma) was used with a thin ag-epoxy front matching layer (8331, mG chemicals, surrey, bc, canada) and a very thin insulation epoxy layer for protection (EpoTek 301, Epoxy Technology Inc., billerica, ma). a small thermistor (r805-103J-3518b, redfish sensors, meridian, Id) was mounted on the rear side of the piezoceramic to monitor the core temperature of each transducer element. a Krimholtz-leedom-matthaei (Klm) model served as a design tool and provided a mean to verify the front layer thickness of each device by comparing the model (Fig. 2) to the spectral impedance (4396b, agilent Technologies Inc., santa clara, ca) during device bench testing.
The butterworth-Van dyke (bVd) circuit model was useful to assist in transducer characterization. Fig. 3 shows the model used, which was refined further with the aid of the more complete Klm model. attention was paid to the spherical elements which were made after the earlier flat aperture prototypes with matching layer thicknesses in the 120-to 135-μm-thick range to permit operation at a slightly higher frequency (at 4 mHz, as determined earlier). With the values in Table I , the complex transducer impedance Z xd was calculated to be 30.5 − j24 Ω at 4 mHz and the transmit sensitivity, S xd , was determined to be approximately 17.5 kPa/V. For these values, R a and R d values in the model (Fig. 3 ) are 45 and 73 Ω, respectively. The voltage V s necessary to produce a desired acoustic output power magnitude (P a in watts) can be found using
where R out is the generator output impedance and V s is the peak voltage inside the generator, which is equal to twice the peak voltage across an R out dummy load (i.e., 50 Ω) used to calibrate the source. Z w is the acoustic impedance of water and A xd is the area of the single-element transducer. The effect of the cable was not considered in the calculation for reasons discussed later. This acoustic power can now be used to find the dissipative power from the total electrical power and the ex- pected reactive power component. First, the total electrical (i.e., apparent) power delivered to the transducer element is the product of the voltage and current magnitudes, with its complex plane operators using the radian angle difference between voltage and current as θ v − θ i . This total power is (4) and the dissipative power is the real part of this total electrical power minus the acoustic power found in (3). The reactive power is the imaginary part of the apparent power. The power factor, which is ideally unity, is the ratio of the real power and the apparent power. because the power factor in this design is approximately 0.78 with an element impedance magnitude close to 39 Ω, there is relatively little use for inductor tuning to remove the effect of the cable capacitance. The only issue with a longer cable is the minor impact of the increased effective series cable resistance.
C. Heating Array Manifold Design and Construction
The 3-d-printed array manifold (Fig. 4) was constructed at the Uc davis department of biomedical Engineering TEam prototyping facility using a 3-d printer (objet 260v, objet Inc., mn). a 3-d software casting of the imaging probe (ms250, Fujifilm Visualsonics Inc., Toronto, canada) was acquired by laser scanning (3d scanner Hd, nextEngine, santa monica, ca). based upon the 3-d acoustic beam performance from simulations, the aperture positions of the heating elements were determined and a cad design of the manifold was created with cavities to accommodate the imaging probe and heating array elements (Fig. 5) . This cad output is exported as a stereo lithography (sTl) file in point mesh format for use by the 3-d printer. The part was printed, water jet cleaned, and ready for immediate use.
D. Power Distribution Electronics
although driving all the heating elements in equal phase will produce a fine grating lobe structure in the beam field, this will not result in major disadvantages in the production of mild hyperthermia. Thus, we chose to design a high-efficiency power splitter driven by a single rF source. an rF power splitter design was chosen which offers relative simple construction, high efficiency, and the ability to be cascaded to create any 2 N outputs. The design is shown in Fig. 6 using ferrite toroids (FT-114-61, amidon, costa mesa, ca) with trifilar and bifilar winding. The key attribute is that the output impedance of each power splitter port is the same as the driving source impedance, which makes this design easily cascadable. This splitter has better than 99% efficiency, 1 db bandwidth of approximately 150 kHz to 8 mHz, and can accept over 100 W as an input with minimal signal compression. by creating an N = 3 cascaded splitter arrangement, 8 outputs are available. The two unused outputs were terminated in 50-Ω power resistors to maintain a balanced output for the other 6 splitter ports. The 1:8 power splitter is driven by a single rF source (model 100a250a, amplifier research corp., souderton, Pa) which is capable of delivering more than Fig. 3 . simplified tank circuit model near resonance used to calculate the heating element electrical to acoustic efficiency. The cable is 3 m, but had little effect because the transducer impedance magnitude was close to 50 Ω (39 Ω), and thus no tuning inductors were needed. 100 W of rF output with less than 1 db compression distortion.
E. Acoustic Heating Analysis (Flat Versus Spherical Elements)
a heating array comprised of 6 elements with 2 mm nominal focal beam diameters is expected to adequately heat a 2 × 8 mm Xy region at a tissue depth of 20 to 30 mm with a total beam path length of approximately 35 to 40 mm. For this reason, beam steering was not needed in this early design. If the elements are spaced at a distance d in a particular dimension, the expected grating lobes will appear at intervals of λz/d for a given depth z and assuming d ≫ λ. at 3.5 mHz with a z depth of 41 mm (i.e., long beam path length utilizing the recessed heating element position), the grating lobes are expected at intervals of approximately 0.5 mm and 1.0 mm in elevational and azimuthal directions, respectively. rather than a diffraction loss calculation, which describes the effective power loss in a pitch-catch transducer set as a function of separation, we define a similar normalized beam power integration which we use to find the relative beam focusing capability of an aperture at a particular depth of interest, z i . The beam power fraction (bPF) at the target depth z i can be defined for a circular aperture as the normalized fraction of the total power in the axial symmetrical beam from zero at the centerline to a lateral dimension of x 0 by 
where r is the radius in the x-y plane at some particular depth z i , r 0 is the radius of the aperture, p() is the pressure field, and p * () is its complex conjugate. The bPF approaches unity as the lateral dimension x 0 becomes large. The bPF is computed for both the flat and spherical aperture cases using the rayleigh-sommerfeld equation to calculate the pressure. The flat aperture bPF (at z i = 41 mm) and the spherical bPF (at z i = 30 and 41 mm) are shown in Fig. 7(d) . Flat and spherical apertures were compared. Each has advantages and disadvantages: the flat aperture device is easier to construct and has a broader beam profile with less phase deviation. The spherical aperture device has a higher energy density than the flat aperture and shows a comparable beam shape at a depth past the element focus depth [i.e., 41 mm, Figs. 7(c) and 7(d)]. The long path (recessed elements in the manifold) was used for both aperture cases.
Using previously described methods [17] , [19] , the rayleigh-sommerfeld (rs) equation was used to obtain a combined volumetric pressure field for the 6 elements. With regard to the flat aperture beam modeling, it is expected that a single beam focus will occur at depth z = D 2 /4λ with a focal intensity of four times the aperture surface pressure and a full-width half-power beam (FWHP) angle of approximately λ/D. For the spherical aperture, rs simulations show that a focus depth of about 28 mm is expected for an 8.8 mm diameter spherical aperture at 3.5 mHz with a radius of curvature (roc) of 50 mm (Fig.  7) . because the ratio λ/D is small, the estimate for the FWHP beam width at the focus distance and beyond is λz/D. at a depth of 41 mm, the −3-db beam diameter is approximately 2 mm for both flat and spherical aperture beams; however, the bPF profiles are quite different.
F. 3-D Thermal Modeling
It is desirable to find the power input necessary to achieve a 3°c temperature increase in 2 s with uniform insonification over an 8 × 5 mm region in the y-Z plane. a 3-d general heating simulation (comsol multiphysics, v3.2, comsol Inc., burlington, ma) has been constructed to accept both 3-d acoustic simulation data and laboratory data. Unless otherwise specified, the initial temperature for all simulation results was assumed to be 37°c. The 3-d bio-heat transfer equation (bHTE) simulation was able to accept input data as volumetric heat flux points either from rs acoustic models or from laboratory pressure measurements. beam data from both flat and spherical aperture element sets were examined. In each case studied, the aggregate echo path attenuation was assumed to be 2/3 of the initial transmitted power (net attenuation considering both gel and tissue lengths).
Heat loss through perfusion was ignored because of the short heating durations. In addition, diffusion will also be limited over the brief heating duration because the diffusion distance in 2 s will be ~0.75 mm [20] . The nominal diffusion distance can be estimated as the square root of tissue diffusivity (~1.4 × 10 −7 m 2 /s) multiplied by time. a 3-d bHTE simulation volume of 10 × 10 × 8 mm in Xy-Z dimensions was used and the volume boundary conditions were assumed to be at 37°c. The simulation mesh density was set such that the separation between points was less than 0.5 mm throughout the entire 800 mm 3 volume. The tissue heating simulation input is a 3-d pressure magnitude field result of all 6 elements. The 3-d pressure data are converted into volumetric flux density, Q 3d , by
With a single iteration, the simulation aperture pressure could be scaled to achieve the criterion of a 40°c maximum in the simulated tissue volume. In this manner, the y-Z plane heating region characteristics as well as the required input power could both be determined for each test case. The 3-d bHTE simulation computes the temperature elevation of tissue by assuming the form of the heat equation [21] 
where Q is the volumetric heat flux (in watts per cubic meter) derived from the acoustic input data set and κ is the thermal conductivity. This expression, however, can be simplified to enable an estimate for the acoustic intensity required for the first few seconds (by ignoring conductive loss during these first few seconds), as
where α is the absorption coefficient (in nepers per meter), and is assumed to be 25 np/m at 3.5 mHz with an arbitrary frequency-dependent tissue characteristic of 0.62 db/cm/mHz. Using (8) , an intensity of 12 W/cm 2 was necessary given C v = 4.07 × 10 6 J/m 3 /°c and assuming a 3°c rise over 2 s. 
G. Thermal Strain Imaging With a Phantom
an in vitro validation study of the Us-TsI system was conducted by first assembling an imaging phantom of gelatin with a rubber inclusion as the TsI target. To make an approximately 6-mm-diameter cylindrical rubber target for the phantom, scatterers (0.5% by weight amberlite, I6641, sigma aldrich corp., st. louis, mo) were added to a hot (450°c) liquid 80:1 mixture of plastic hardener/ softener (m-F manufacturing, Ft. Worth, TX) and allowed to cool. The cooled rubber cylinder was introduced to the liquid gelatin matrix. The gelatin matrix was made by combining gelatin (G-2500, sigma aldrich corp., st. louis, mo), water, and ultrasound scatterers (1% cellulose by weight, s3504, sigma aldrich corp.). The physical properties of the test phantom are listed in Table II . The properties for the rubber target were measured, whereas those of gelatin matrix were estimated from the literature.
The TsI imaging/heating sequence consists of standard b-mode imaging sequences interleaved with heating sequences. The phantom was imaged with the ms250 transducer on the Vevo 2100 system. The heating transducer was excited using parameters listed in Table III . Twodimensional speckle tracking [22] was applied on rF data to estimate displacement between a reference image and an image taken after heating. The apparent thermal strain is the derivative of displacement along short-time echo beams and was estimated using a second-order savitzkyGolay filter. TsI was applied to the same phantom using both the spherical and flat elements.
III. results and discussion rs-derived axial and lateral responses for both flat and spherical aperture elements exhibited good agreement with laboratory acoustic measurements. The flat element had a spectrum similar to the spectrum for the Klm model with a 100 μm matching layer.
Using the elements' spatial positions and simulated beam characteristics, the theoretical heating profiles for The parameters necessary to achieve a 3°c temperature rise in 2 s for the flat and spherical elements are summarized in Table IV . The modest peak pressures and mI indicate little concern for acoustically driven mechanical cavitation effects. The simulation derived average intensities in the heating region agree well with the calculation using (8) . Table V shows the summary of simulation results on expected heating effectiveness. approximate planimetry (Fig. 8 ) was used to assess the y-Z plane area between 39°c and 40°c. The efficiency ratio is a metric indicator showing the ratio of this y-Z plane area and the total aperture power (Power ap ) required to heat the desired target region. This metric shows that the spherical aperture design uses 56% less power to heat a similarly sized region as compared with the flat aperture design.
For every 1 W delivered to the transducer, the transducer converts 0.78 W into real power and 0.62 W into reactive power. The real power is divided into 0.48 W of acoustic power and the remaining 0.3 W is lost to heat. These values were calculated using the modified bVd model (Fig. 2) , and confirmed with both Klm and comsol modeling as well as lab measurements. The thermistor mounted on the back of every PZT element provided laboratory readings to confirm the heat dissipation magnitudes predicted with an axisymmetric 3-d thermal model of the transducer itself. Typical single-element self-heating performance showed a PZT temperature elevation from 22°c to 50°c in 13 s at 2.5 W of dissipation and an output of 4 W acoustic power.
Using simulations and laboratory measurements for confirmation, a power-flow link budget (Fig. 9 ) was assembled for both flat and spherical apertures to account for the translation efficiencies at each point in the transmission pathway. The laboratory pressure field data revealed a ~two-fold difference in overall power requirements be- tween the two designs, which agrees with the difference shown in Fig. 9 . The numbered pathways in Fig. 9 have explanatory narratives which are presented here.
1) The 3-stage cascaded rF power splitter produces 8 outputs, of which we only use 6. 2) This acoustic power is estimated from 3-d bHTE modeling with 6 apertures. Individual beam estimates were computed using a 3-d rs acoustic model. a single recursion approach with the bHTE model produces the estimated aperture pressure necessary to produce 3°c temperature rise in 2 s. 3) The previously discussed transducer efficiency analysis has revealed that 48% of the input electrical power is converted to acoustic output, whereas 30% is dissipated as heat.
4) reactive (imaginary) electrical power is approximately 62% of the total input power. 5) The fractional loss of acoustic power resulting from tissue absorption is calculated as 1 − exp(−2αz) where α is an arbitrary 25 np/m (0.62 db/cm/mHz and 3.5 mHz) and a tissue path length of 22 mm is used. 6) The quantity of tissue heating power is derived both from a) the 3-d bHTE simulation, where the average acoustic intensity in the 2 × 8 mm X-y target region is ~12 W/cm 2 ; and b) the hand calculation of intensity neglecting perfusion and diffusion, as in (8). 7) The beam loss is the acoustic power which is far enough from the heating target area that it does not significantly contribute to heating. The beam loss fractional estimates are the result of total input acoustic power minus the power needed in the target region heating, and match reasonably well the beam characteristics shown in Fig. 7 .
several early array manifolds were built with the 3-d printer. Testing was completed with combined imaging and heating using a single rF power source and 1-input 6-output custom rF power splitter. The custom heating array acoustic and electrical performance was compared against Klm modeling and can easily deliver 30 W of total acoustic power which produces intensities greater than 12 W/cm 2 in the 2 × 8 mm target region. For tissue, this would result in a 3°c rise in temperature in 2 s. custom beam modeling software was used to determine arbitrarily the beam target points for the custom arrays, and then implemented in the desired array manifold configuration. The flat and spherical aperture elements with the staggered manifold design were evaluated for their ability to produce effective and uniform heating in the desired target volume. The 39°c 3-d heating contour comparison of the flat and spherical elements is shown in Fig. 10 . The equivalent 2-d heating planes are shown in Fig. 11 . The manifold design fixes the position of the element such that only the rotation can be adjusted. Element rotation helped ameliorate beam skew errors but was unable to adequately compensate for all 6 beam positions as is evident from the undesirable beam skew in the right side of Fig. 11(d) . In addition, it is apparent that the defocused flat aperture beam has a greater tolerance for beam skew than the focused spherical beam, despite the fact that the spherical beam is focused at 41 mm which is 37% greater than the individual focus of each spherical element (29 mm). Fig. 12 shows b-mode images and the corresponding Us-TsI images of the custom phantom with the 6-mm rubber inclusion for both flat and spherical aperture cases. rubber is known to produce a large, positive thermal strain when heated, whereas gelatin produces small negative thermal strain [26] . This is evident in the UsTsI image, in which the rubber inclusion appears red and the gelatin background appears to be very slightly blue. The maximum thermal strain generated in the inclusion using the flat and spherical arrays was 0.66% for 6.8 s, and 0.59% for 0.5 s, respectively. considering the ratio of thermal strain per unit time, the spherical aperture array generated about 12 times more thermal strain per second than the flat aperture array. This is a considerable difference and can be explained by several factors. First, with the same electrical power, the flat elements deliver approximately half as much power to the target region. second, the actual alignment of individual elements may be different between the water tank experiments used to generate the simulation data and the phantom experiments. Finally, the total time in which heating was applied to the flat elements is approximately five times as long as that used for the spherical elements. over the course of 6.8 s, the temperature rise with respect to time was probably no longer linear and that there were thermal diffusion losses. This illustrates two points: first, less efficient power delivery to the target region forces a longer heating time to obtain a robust and detectable signal and, second, as the length of time required to heat an object increases, the heating process becomes less efficient because of conductive loss of heat which is described by the bHTE.
The use of only 6 heating elements appears to provide enough power and beam uniformity to be useful for tissue heating and is still simple with respect to cost and complexity. spherical heating elements can reduce the 10 . The target depth region bHTE volumetric heating results using the 3-d acoustic data set in each case; the heating array is above the plots with X and y at a 10 mm span and Z is 8 mm centered at 37 mm depth. The temperature range in this plot is 37°c to 40°c. For each set, the peak temperature was limited to 40°c in 2 s of insonation. The red isothermal surface in each is 39°c with the y-Z imaging plane at center. diffraction loss of a flat aperture beam and reduce the system power requirements, but this comes at the cost of a more precise beam alignment procedure. The main drawbacks with this heating array implementation are in element matching and beam alignment; the former can be addressed with robust manufacturing procedures, whereas the latter can be either solved through the use of more monolithic arrays, or by using custom beam alignment tooling.
Tissue temperature tolerance is a significant concern, however this has been well studied over the last 20 years with guidance adopted by the american Institute of Ultrasound in medicine (aIUm) [27] . For non-fetal tissue heating with 2 s of expected exposure, the aIUm standards predict the highest safe temperature rise to be 10.9°c. The safety margin of 7.9°c is reasonable for this application.
one important reason to enable a Us heating system with substantial power is to counter the substantial cooling effects of arterial blood flow close to the intended site of TsI. These effects have been studied [28] , [29] , [30] and show very high heat transfer loss to blood. a short-time, uniform, high-intensity heating regime may be the proper means for permitting good TsI. This will be a major topic of interest as development of TsI for the carotid artery progresses.
IV. conclusions
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